Abstract-Coronary stent design influences local patterns of wall shear stress (WSS) that are associated with neointimal growth, restenosis, and the endothelialization of stent struts. The number of circumferentially repeating crowns N C for a given stent design is often modified depending on the target vessel caliber, but the hemodynamic implications of altering N C have not previously been studied. In this investigation, we analyzed the relationship between vessel diameter and the hemodynamically optimal N C using a derivative-free optimization algorithm coupled with computational fluid dynamics. The algorithm computed the optimal vessel diameter, defined as minimizing the area of stent-induced low WSS, for various configurations (i.e., N C ) of a generic slotted-tube design and designs that resemble commercially available stents. Stents were modeled in idealized coronary arteries with a vessel diameter that was allowed to vary between 2 and 5 mm. The results indicate that the optimal vessel diameter increases for stent configurations with greater N C , and the designs of current commercial stents incorporate a greater N C than hemodynamically optimal stent designs. This finding suggests that reducing the N C of current stents may improve the hemodynamic environment within stented arteries and reduce the likelihood of excessive neointimal growth and thrombus formation.
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higher in patients with small diameter vessels since even a small amount of neointimal growth can severely restrict blood flow and require revascularization. Even when drug-eluting stents (DES) are used to inhibit neointimal growth, restenosis rates of 17% and 9.7% were reported in vessels with diameters <2.6 mm and <3 mm, respectively [3] , [4] . Depending on the definition applied, treatment of small vessel lesions constitutes 35-67% of percutaneous interventions [5] . In contrast, large coronary vessels can sustain a greater amount of neointimal growth before requiring revascularization, and the use of DES over baremetal stents in vessels >3.5 mm in diameter may not even be necessary [6] .
Previous studies indicate stent-induced changes in local hemodynamics influence neointimal growth that leads to restenosis. Specifically, areas of low wall shear stress (WSS) and high oscillatory shear spatially correlate with regions of greatest intimal growth following stent implantation [7] - [9] . In addition to restenosis, the magnitude of WSS is known to affect the rate of endothelial cell migration atop stent struts [10] . Importantly, studies of DES in which re-endothelialization of stent struts is delayed suggest a lack of re-endothelialization is associated with an increased risk for thrombosis, which can lead to myocardial infarction [11] - [13] . Designing stents to reduce these hemodynamic disturbances would, therefore, decrease the likelihood of adverse long-term outcomes for lesion subsets that still have unfavorable outcomes.
Currently stent designs are often altered based on the vessel diameter in which the stent is deployed. While the underlying pattern of the stent design is not changed, the number of circumferentially repeating crowns or crests N C is increased for vessels of a larger caliber and vice versa. For larger vessels, the increase in N C provides more scaffolding and allows the stent to be expanded to a greater diameter. The hemodynamic implications of changing the stent configuration based on vessel diameter is unclear since previous studies of stent-induced blood flow alterations have largely used a nominal vessel diameter when modeling and analyzing stent design [14] - [16] . Computational fluid dynamics (CFD) studies of stent design indicate strut misalignment with the primary direction of flow results in localized areas of low WSS adjacent to struts [17] , [18] . This suggests increasing N C may be hemodynamically advantageous as it would reduce the degree of strut misalignment. In contrast, reducing N C would increase the intrastrut area of the expanded stent, allowing for a greater area of flow reattachment and higher WSS between stent struts. We hypothesize there exists a hemodynamically optimal stent configuration in which the competing effects of strut misalignment and increasing intrastrut area are balanced. The optimal configuration is likely 0018-9294/$31.00 © 2012 IEEE dependent on the vessel caliber and varies depending on the stent design.
In this investigation, we couple CFD with a derivative-free optimization framework to determine hemodynamically optimal stent configurations. To date, a majority of the studies that combine CFD with design optimization algorithms have only considered 2-D stent models or simple stent cells [19] - [21] , such that the hemodynamic effects of vessel diameter and the N C could not be studied. Pant et al. recently described a multiobjective stent optimization technique that uses 3-D models, but the study only considered 3-mm diameter vessels and a single stent design with a constant N C [22] . The objective of this investigation was to analyze how vessel diameter affects the hemodynamically optimal N C for several commercially available stent designs. We use our previously described optimization framework [23] to determine the optimal stent configuration, defined as the value of N C that minimizes the area of low time-averaged WSS (TAWSS). Instead of maintaining a constant vessel diameter and computing the optimal stent configuration for numerous vessel diameters, in this investigation the optimization problem is framed to compute the optimal vessel diameter for a given N C . Using this approach, the relationship between vessel diameter and the optimal stent design stent can be examined in more detail than using discrete vessel diameters.
II. METHODS

A. Model Generation
The design of a generic slotted-tube stent (see Fig. 1 : stent A) along with three designs that closely resemble commercially available stents (see Fig. 1 : stents B-D) were investigated. Stents B and C were based on the BX Velocity (Cordis, Bridgewater, NJ) and Express 2 (Boston Scientific, Natick, MA) stents, respectively. Stent D was not based on any single stent design, but rather represented a simplified version of the Multi-Link family of stents (Abbott Vascular, Santa Clara, CA), which includes the Vision, Mini Vision, Ultra, and Zeta. The geometries of stents A, B, and D represent sequential ring stents with peak-peak (A and B) and peak-valley (D) connections [24] . Stent C is also a sequential ring stent, but the use of alternating "macro" and "micro" rings represents a hybrid of the peak-peak and peak-valley connection types.
The geometry of a single cell of each design is illustrated in Fig. 1 along with the dimensions relevant for approximating the expanded geometry of the stent, including the strut length l s , arc length l a , and connector length l c . The dimensions of stents B, C, and D were based on the literature available on company websites and physical measurements. The circumferential distance between adjacent stent cells d and the intrastrut angle θ varied depending on the vessel diameter. The intrastrut angle was not used to define the cell geometry, but it was used extensively to quantify the results of the optimizations because it provides a design-independent measurement of the expanded stent geometry. The strut radial thickness and width for each design is given in Table I . All stents were modeled using the 18-mm version of the stent, with the exception of stent C, which was modeled as 16-mm since an 18-mm Express 2 stent is not available. In the case of stents A, B, and C, the number of circumferential repeating cells was simply varied to generate models with different values of N C . It should be noted that N C refers to the number of circumferentially repeating crowns, not the number of repeating cells. For example, the configuration of stent C shown in Fig. 1 has three circumferentially repeating cells, but each cell has two crowns resulting in N C = 6. Because the commercial versions of stent D contain both two and three crown cell geometries, some permutations of stent D incorporated both cell geometries into an axial segment of the stent. Designs of stent D are denoted by both the number of crowns and the cells included in an axial segment in order to distinguish between the various permutations. For example, the five crown configuration of stent D in Fig. 1 is referred to as the 5-2:3 configuration because it includes both the two and three crown cell geometries. Similarly, the 6-2:2:2 and 6-3:3 both refer to six crown configurations constructed with only two crown and three crown cell geometries, respectively.
During the optimization of a single stent design, the stent configuration (i.e., N C ) was kept constant and the expanded geometry of the stent was modeled for the vessel diameters chosen by the optimization routine. For each model, the value of d was computed based on vessel diameter and N C . The strut (l s ) and arc (l a ) lengths were kept constant to approximate the mechanical behavior of stent when it is expanded to various diameters. It was assumed the flexible link of stent B maintained its shape across all diameters. All stent models were generated using SolidWorks (Natick, MA).
Solid models of each vessel were constructed after the corresponding stent model was generated such that the expanded portion of the vessel could be modeled to the exact length of the expanded stent. In this manner, the effects of stent foreshortening would also be incorporated into the model (see Fig. 2 ). Vessels were modeled with a stent-to-artery ratio of 1.1:1 [25] . The vessel model proximal and distal to stented region consisted of a 5.0-mm unstented section of vessel connected to the stented region by a 2.0-mm tapered section [15] . Boolean subtraction was performed to remove the stent geometry from the vessel model resulting in a solid model of the flow domain.
B. Computational Fluid Dynamics
Stented vessels were discretized into unstructured tetrahedral finite-element meshes using a commercially available mesh Anisotropic meshes were created for each stented artery model to best resolve the near-wall hemodynamics without incurring the high-computation cost associated with dense isotropic meshes. A relatively coarse mesh was prescribed to the unstented portion of the model while denser meshes were prescribed at the vessels walls within the stented portions of the vessel. The greatest mesh density was prescribed to the vessel wall in the middle segments of each stent because this is the only portion of the model quantified by the optimization algorithm (see Fig. 3 ).
It was not feasible to verify that the CFD results of each stented vessel model were independent of the mesh density because only one mesh was created for each model. The process of creating multiple meshes with increasing mesh densities to ensure mesh-independence would have drastically increased the computational expense of the optimization routine. Instead, we ensured the CFD results were independent of the mesh density by investigating the influence of meshing parameters on the solution (i.e., the optimal vessel diameter) of optimization algorithm for stent design B with N C = 5. Briefly, an initial optimization was performed using mesh generation parameters that resulted in roughly 3-4 million element meshes for each model. A second optimization was then performed using parameters that created 6-8 million element meshes. The optimization converged to a vessel diameter of 2.625 mm, when high-density meshes were used compared to 2.656 mm for the low-density meshes. The greatest difference in cost was <0.25% between models with an equal vessel diameter, but different mesh density. Since doubling the mesh size only resulted in small variations in the computed cost and the optimal vessel diameter, the optimization results were assumed to be independent of the computational mesh, and the meshing parameters used to generate 3-4 million element meshes were used throughout the entire investigation.
Time-dependent CFD simulations were performed using an in-house stabilized finite-element solver with embedded commercial linear solver LESLIB (Altair Engineering, Troy, MI) to solve the time-dependent Navier-Stokes equations. A coronary waveform obtained from a canine left anterior descending artery was imposed at the model inlet using a fully developed Womersly profile [26] . For the purposes of this investigation, the flow waveform was not scaled for vessels of varying diameters, since TAWSS is later normalized when analyzing the cost of the stent design. A three-element Windkessel approximation consisting of characteristic and distal resistances, as well as a capacitance term (i.e., R c , R d , and C), was applied at the outlet to replicate the physiologic impedance of the downstream vasculature as previously described [27] - [29] . Additionally, the vessel and stent were modeled as rigid and blood was assumed to be a Newtonian fluid with a density of 1.06 g/cm 3 and a viscosity of 4 cP. A time step of 3.3 × 10 −4 s was required for a Courant, Friedrichs, and Lewy condition <1 for the smallest diameter vessel during peak flow and was therefore used for each CFD simulation. Periodicity was ensured by running simulations until the difference in the outlet pressure and flow between equivalent points in successive cardiac cycles was <1 mmHg and <1 mm 3 /s.
C. Design Optimization Algorithm
The general form of the optimization problem in this investigation was to minimize J(x) subject to x of the set B = {x|a < x < b}, where J is the cost function and x is the vessel diameter bounded by a and b. The formulation of the optimization cost function was based on the physiologic theory of TAWSS homeostasis, which suggests vessels remodel to maintain a nominal level of TAWSS [30] , [31] . Favorable stented models were defined as those which would theoretically attenuate vascular remodeling within the stented region by minimizing the disparity between TAWSS in the stented region of the model (TAWSS IS ) and the nominal level of TAWSS in the unstented segment of the model (TAWSS US ). Thus, the cost of a stent model is expressed using a ratio of TAWSS IS to TAWSS US as
in which TAWSS IS is defined as the integration of TAWSS over the intrastrut surfaces s normalized to the area of those surfaces
The value of TAWSS IS was computed over the intrastrut regions with the highest mesh resolution (see Fig. 3 ). For a given diameter, TAWSS US was computed as
where Q is the mean flow, μ is the viscosity, and r is the vessel radius.
A surrogate management framework (SMF) was implemented to determine the optimal vessel diameter for a given stent configuration [32] . The SMF optimization algorithm is a derivative-free pattern search method with an extensive mathematical convergence theory. The design space is defined as a discrete parameter mesh which may be refined to increase the accuracy of the optimal solution. The optimization method incorporates a surrogate model for efficient exploration of the design space in a search step, and guarantees convergence to a local minimum through a poll step that evaluates neighboring points using the mesh adaptive direct search (MADS) method [33] - [35] . The algorithm, illustrated in Fig. 4 , consists of performing surrogate search steps until the search step fails, and poll steps to determine if a mesh local optimizer has been reached. The surrogate function provides an approximation of the true cost function which reduces the number of expensive function evaluations without sacrificing the convergence theory of the method, which depends solely on the poll step. The entire optimization framework was fully automated such that no user intervention was required. We refer the reader to [23] and [32] for more details about the computational framework and convergence theory of the optimization routine.
To determine the optimal vessel diameter for a given stent configuration, an initial parameter mesh was constructed for a range of vessel diameters between 2.0 and 5.0 mm with a Fig. 4 . Flowchart of the SMF optimization routine. The routine is initialized using LHS, and then uses search and MADS polling operations to converge on the optimal design parameter. The routine stops once a local minimum has been found and the resolution of the discrete parameter mesh Δ m has been refined beyond a user defined tolerance (tol).
spacing of 0.5 mm. Latin hypercube sampling (LHS) was used to generate a well-distributed set of possible vessel diameters within the parameter space, which were evaluated to construct the initial surrogate function of the SMF algorithm. The parameter mesh was reduced three times by a factor of 4 during the course of the optimization, resulting in a final parameter mesh resolution of 0.03125 mm.
III. RESULTS
The optimal vessel diameter was identified for four stent designs in various configurations (i.e., different values of N C ) for a total of 21 optimizations. The results of each optimization are summarized in Table II . Some optimizations converged to the boundary of the allowable vessel diameter range (see Table II ). Only 6-7 function evaluations were necessary in these cases, corresponding to the three vessel diameters of the initial set of design points and the three-mesh refinements necessary to provide convergence to the boundary. In cases where the optimization did not converge to a boundary of the allowable vessel diameter range, the optimization routine required 9-18 function evaluations regardless of stent design. Each optimization required four to seven days to complete, depending on the number of function evaluations required.
The hemodynamically optimal vessel diameter increased as N C increased for all stent designs (e.g., A-N C = 6, φ = 2.63 mm versus N C = 7, φ = 3.13 mm). For designs A, B, and C, the cost function value of the optimal design also increased with increasing vessel diameter (e.g., A-N C = 6, J = 0.526 versus N C = 7, J = 0.535). This trend is less apparent for design D, in which the optimal cost did not increase between the 4-2:2 and 5-2:3 designs or 6-2:2:2 and 7-2:2:3 designs. The intrastrut area as a function of d (i.e., cell expansion curve) for a single stent cell is plotted in Fig. 5 . For the peakpeak stent designs (A and B), the cell expansion curve is a concave function. The cell expansion curve was a concave function for designs A and B. This relationship was linear for design D and nearly linear with a small degree of concavity for design C. The degree of expansion for each of the optimal models is also denoted in Fig. 5 . The optimal intrastrut angle for the configurations of designs A, B, and C (A: 50
• -58
was generally smaller than that of design D (87
• -107 • ). Plots of the cost function relative to the vessel diameter are shown in Fig. 6 . These plots can be used to identify the optimal stent configuration for any given vessel diameter. The optimal configuration is simply the curve with the minimum cost for a given vessel diameter. Similarly, an optimal vessel diameter range for each stent configuration can be estimated from the intersection of the cost function with adjacent stent configuration. For example, the cost curves for the N C = 5 and N C = 6 configurations of design A intersect at about 2.6 mm and the curves for the N C = 6 and N C = 7 configuration of design A intersect at about 3.2 mm. Thus, the optimal vessel diameter range for the N C = 6 configuration of design A is between 2.6 and 3.2 mm. The optimal vessel diameter ranges for each stent design is denoted by the alternating white and gray boxes in Fig. 6 . The 6-2:2:2, not the 6-3:3, stent configuration was used when computing the optimal vessel diameter range for design D, as Fig. 5 . Intrastrut area relative to the parameter d ("expansion curve") for a single cell of each stent design. For stent D, the expansion curves of both the two crown (2c) and three crown (3c) cells are shown. The value of d corresponding to the cell geometry of each optimal model is denoted along the curve as a black dot. Only configurations in which the optimization did not converge to a boundary are plotted. As an additional reference, the intrastrut angle ( • ) is also denoted above the x-axis. Fig. 6 . Cost function versus the vessel diameter for the various configurations of each stent design. The stent configuration, or number of circumferential crowns, is denoted above each curve. The model corresponding to the optimal vessel diameter is circled for each stent configuration. The optimal vessel diameter range for each configuration is denoted by the alternating gray and white shaded areas. Both the 3:3 and 2:2:2 configurations of stent D represent a six crown stent, but the optimal vessel diameter range was not computed for the 3:3 configuration so it is denoted with a dotted line.
this is representative of the six crown version of the commercially available Multi-Link Vision stent.
Using a similar analysis, a comparison of the hemodynamic performance among the various stent designs is shown in Fig. 7 by plotting a least-cost curve for each design. The least-cost curve is constructed by extracting the minimum possible cost from among all the configurations of a stent design for entire vessel diameter range as plotted Fig. 6 . A comparison of the least-cost curves indicates that in the most hemodynamically favorable configuration, stent design C performs worse than all other designs regardless of vessel diameter. Stent D is the best performing commercially inspired stent design, while the generic slotted-tube stent is the best-performing design in vessels less than 3.0 mm in diameter.
Given that the designs of stents B, C, and D closely resemble the commercially available BX Velocity, Express 2 , and Multi-Link stents, respectively, a comparison of hemodynamically optimal vessel diameter range (see Fig. 6 ) to that of the manufacturer's recommended diameter range is presented in Table III . The expanded geometry of a single stent crown at the minimum and maximum of each range is also depicted in Fig. 8 . For any given vessel diameter, the commercial stents are configured with a greater number of crowns than the hemodynamically optimal configurations.
IV. DISCUSSION
Rates of restenosis are known to vary with stent design and geometry [14] , [36] - [39] . Although vessel diameter is also an independent predictor of restenosis [1] - [4] , the hemodynamic impact of altering the stent configuration based on vessel diameter has not previously been studied. In this investigation, we used an optimization routine coupled with CFD to identify the hemodynamically optimal vessel diameter for various configurations of a generic slotted tube and three commercially available stent designs. The results indicate that current commercial stent configurations have a greater number of circumferentially repeating stent crowns than in the hemodynamically optimal ones. Presumably, a larger number of stent crowns provide a greater amount of vessel scaffolding, but the current results demonstrate that this also increases the area of the vessel exposed to potentially deleterious levels of low TAWSS.
The unique framing of the optimization problem facilitated a thorough and detailed analysis of the relationship between vessel diameter and stent configuration without necessitating numerous optimizations. The main objective of the investigation was to identify the optimal value of N C for a given stent design and vessel diameter. This naturally implies formulating the optimization problem to directly solve for the optimal value of N C , while maintaining a constant vessel diameter. Instead this investigation used the reverse formulation to identify the optimal vessel diameter for a given N C . This approach did not directly solve for N C , but rather indirectly computed the optimal value of N C for a given stent design and vessel diameter by examining the relationships between the cost function and vessel diameter (see Fig. 6 ). Moreover, the reverse formulation also enabled the analysis of the optimal intrastrut angle and quick computation of the optimal vessel diameter range for each stent configuration. The direct approach would require numerous optimizations to compute these parameters with the same resolution achieved using the reverse formulation.
The results of this investigation confirm and extend the findings of our previous CFD optimization of a generic slotted-tube stent, similar to stent A [23] . In our previous study, we determined the optimal value of N C was dependent on the intrastrut angle, and the optimal intrastrut angle was computed to be about 40
• for the two vessel sizes analyzed. As shown by the intrastrut angles of the optimal models (see Table II ), the small range of optimal angles for each stent design supports our previous conclusion that the optimal value of N C is dependent on the intrastrut angle. However, contrary to the findings of our previous study, the current results indicate that the optimal intrastrut angle is somewhat dependent on vessel size. The optimization routine generally converged to designs with a smaller intrastrut angle in small diameter vessels (see Table II ). The discrepancy between the findings of these studies is likely caused by the difference in design constraints used in each study. In our previous study, the intrastrut area was constrained to 1, 2, or 3 mm 2 , and optimization were only performed with 2.25-and 3.0-mm diameter vessels [23] . The current results were obtained by constraining the stent strut dimensions and allowing the vessel diameter, and subsequently the intrastrut area, to vary. The current constraints mimic the realistic deployment of a stent and result in a better approximation of the optimal intrastrut angle. Thus, the optimal intrastrut angle for a slotted-tube design is more likely between 50
• and 60
• , as opposed to the previously reported value of 40
• . The current results indicate the optimal intrastrut angle for stent designs A (50 . This finding is likely explained by the differences in the connection types of each stent design, which produce different relationships between the circumferential distance between adjacent struts and intrastrut area (see Fig. 5 ). This relationship is linear for stents with peakvalley connections (stent D), so the intrastrut area is directly proportional to the vessel diameter. For peak-peak connections (stents A and B), this relationship is nearly linear for small values of d (i.e., small diameter vessels), but is increasingly concave for larger values of d (i.e., large diameter vessels). Thus, as a peak-peak type stent expands to a large diameter, decreases in TAWSS resulting from strut misalignment are not counteracted by as large an increase in TAWSS resulting from a greater intrastrut area. It is, therefore, not surprising that the optimal intrastrut angle was less for peak-peak designs, which further confirms our original hypothesis that the hemodynamically optimal vessel diameter for a given stent configuration represents a balance between the competing effects of strut misalignment and increasing intrastrut area.
The cost of the models corresponding to the optimal vessel diameter of a given stent configuration increased with increasing vessel diameter and N C for designs A, B, and C. This relationship causes the value of the optimal vessel diameter to be skewed toward the low end, or fall completely outside, of the optimal vessel diameter range for most configurations (see Fig. 6 ). For example, the optimal vessel diameter for the seven crown configuration of design B is 4 mm, while the optimal vessel diameter range of this configuration is about 4-4.60 mm. The lack of this trend in stent D likely arises from the combined use of two and three crest cell geometries. Incorporating a three-cell geometry into the stent configuration generally resulted in lower costs than the two crest cell design as evident by comparison of the 6-2:2:2 and 6-3:3 optimization (see Fig. 6 ). Although the two stent designs have the same number of crowns, the 6-3:3 stent has fewer axial connections and a lower associated cost (0.536 versus 0.530). This result is consistent with the findings of He et al. which demonstrated that the presence of axial connectors for peak-peak stent designs decreases TAWSS [18] .
The least-cost curves (see Fig. 7 ) suggest that the relative ranking of performance (best to worst) of the commercially inspired stent designs considered is D (Multi-Link), B (BX Velocity), and C (Express 2 ). It should be noted that some commercial versions of stent D include a flexible connector link that would likely produce a greater area of low TAWSS than was computed here which may affect this ranking. While these ranking provide insight into relative performance of commercial stents, they cannot be used to draw any general conclusions about the performance of peak-peak, peak-valley or hybrid designs as the prescribed strut thickness and width varied between the designs to mimic the dimensions of the commercially available stents. This investigation does highlight the superior adaptability of the peak-peak and peak-valley designs to various vessel diameters as compared to the hybrid design (see Fig. 8 ). The number of circumferential crowns of the hybrid design can only be incremented by a factor of two due to the cell geometry, whereas the other designs allow for unit increments.
Compared to configurations of commercially available stents, the current results suggest that hemodynamically optimal stents contain fewer circumferentially repeating crowns, which result in greater spacing between struts. While an increase in strut spacing is hemodynamically advantageous, this may adversely affect other stent design criteria. Specifically, increasing strut spacing may reduce the radial strength and subsequently the radial displacement of the stent [40] , [41] . For DES stents, increased strut spacing reduces the uniformity of drug release along with the intrastrut drug concentration [42] . Interestingly, a previous study by Iakovou et al. demonstrated that increased strut spacing was not associated with unfavorable clinical outcomes for the Cypher stent, the DES version of the BX Velocity [43] . In this study, six crown Cypher stents were overdilated beyond the suggested 3.0-mm diameter maximum for 3.5-4.0 diameter vessels, similar to the hemodynamically optimal vessel range for this stent configuration. Overdilation was not associated with increased late lumen loss or binary restenosis rate. However, this study was only performed in large diameter vessels which are generally associated with a decreased rate of restenosis and is unclear if these results would translate to smaller vessels. Similarly, overexpansion of the Express 2 and Multi-Link designs has not been studied in detail.
The current results should be interpreted within the constraints of several potential limitations. Most notably, each vessel was modeled as an ideal cylinder and may not represent the actual vessel geometry following stent deployment. A finite-element simulation of the stent expansion may be the best method for determining the expanded geometry of the stent and vessel. However, this approach would further increase the computational cost of the already computationally expensive optimization routine and would require the nontrivial process of converting a discrete finite-element mesh into a highly anisotropic CFD meshes on specific model surfaces [44] , as was the case in this investigation. Since a finite-element approach was not pursued in this investigation, the results of this investigation do not account for malapposition of stent struts and vessel prolapse which have been shown to affect the distribution of TAWSS [45] - [47] . Future studies should consider adopting this approach similar to De Santis et al. to better replicate the physiologic geometry of a stented artery [45] . Also, the vessel models in this investigation employ a rigid wall assumption for all CFD simulations. Since the compliance of stented arteries has been shown to be nearly zero, a rigid wall assumption is likely valid within the stented region that is quantified during the optimization routine [26] .
The choice of cost function may influence the results of the optimization algorithm. This investigation used a cost function based on TAWSS within the stented region since areas of low TAWSS are known to correlate with neointimal growth and endothelialization of stent struts [7] - [9] . Other clinically relevant hemodynamic indices, such as WSS gradient and oscillatory shear index, could also be used as additional cost functions [15] .
Additional research is necessary to understand how these indices might affect the identification of optimal stent designs.
This study attempted to include some of the most widely used stent geometries at this time. The companies referred to here may now have, or be developing, newer stents for which the demonstrated optimization techniques could be used to identify the hemodynamically optimal design configurations. The current results describe some general hemodynamic characteristics of peak-peak, peak-valley stent and hybrid designs which are likely applicable to new designs without a complete optimization analysis. However, the variability among designs within these categories, as shown by the difference in optimal configurations of stents A and B (see Table II and Fig. 8) , suggests a complete optimization analysis is necessary for each unique stent design.
The optimization methodology presented here was developed to understand the relationship between stent configuration and vessel diameter, and possibly improve stent design for treating small vessel lesions. With a few modifications to the vesselgeneration and cost-quantification procedures, this methodology could be used to investigate potential design improvements of commercial stents for treating other difficult lesions subsets such as those in the left main coronary artery where efficacy data for most stents are limited and local disruptions in the vicinity of the bifurcation increase the potential for flow patterns linked to neointimal growth and thrombus formation [48] .
V. CONCLUSION
In summary, the current investigation used 3-D CFD coupled with an efficient derivative-free optimization routine to identify the optimal vessel diameter for various configurations of a generic slotted-tube and commercially available stents. The results indicate that the optimal vessel diameter for a given stent configuration produces a stent-cell geometry in which the competing hemodynamic effects of strut misalignment and increasing intrastrut areas are balanced. For each commercial stent design, it was generally found that current stent designs incorporate a greater number of circumferentially repeating stent crowns than hemodynamically optimal stent designs, which may subject the vessel to potential deleterious levels of low TAWSS. This may partially explain why rates of restenosis remain high after stent implantation in small diameter vessels.
